Introduction
Noninvasive measurements of the concentration distributions of endogenous (i.e., oxyhemoglobin and deoxyhemoglobin) and exogenous (i.e., chemotherapy and photodynamic therapy) agents in biological tissues may have implications in diagnosing, monitoring, and treating several diseases, such as cancer. 1, 2 Several methods have previously been used to determine noninvasively the drug concentration inside biological tissues. These methods include fluorescence, [3] [4] [5] [6] reflectance spectroscopy, 7, 8 and optical coherence tomography (OCT). 9, 10 Optical coherence tomography is an emerging imaging modality that provides a noncontact and noninvasive method of obtaining high spatial resolution three-dimensional images of biological tissues. [11] [12] [13] OCT signal detection relies on the intensity of the light backscattered from biological tissues. Phasesensitive OCT (PhS-OCT) [14] [15] [16] is a variation of the OCT system, which allows the detection of optical path length (OPL) changes that are smaller than a wavelength of light. PhS-OCT has previously been used for elastography, 17 and for determining nanoscale tissue motion such as in the organ of Corti. 18 Optically absorbing drugs can absorb light energy from an excitation laser, and convert it into heat. This phenomenon is known as a photothermal effect. The increase in temperature by the drug will change the index of refraction of the surrounding tissue and induce thermal expansion; which changes the OPL of light. If the increase in temperature is high enough, it can also have therapeutic effects. 19 Photothermal OCT (PT-OCT) is a new system that combines a PhS-OCT system with a pump-laser. The pump laser light heats the optically absorbing agent and the PhS-OCT detects the OPL changes. The OPL changes on biological tissues will depend on the concentration of the optically absorbing drug. PT-OCT has previously been used in different configurations such as low coherence interferometry, 20 using a swept-source PhS-OCT beam, 21 using two pump laser wavelengths, 22 or having a pump laser located on the opposite side as the PhS-OCT beam. 22, 23 Illuminating the sample from the opposite side of the PhS-OCT beam limits the thickness of the sample for which images can be obtained.
Most PT-OCT experiments have been carried out in liquid phantoms such as dyes, 24 hemoglobin, 22 and nanoparticles. 21 It is difficult to obtain an accurate phase signal within a liquid due to the Brownian motion of the scattering centers. Therefore, these techniques have been limited to measuring the phase signal at the interface of the liquid.
Models for the increase in temperature due to the pump laser have previously been derived; 21, 24 however, experimental measurements of the temperature change have been challenging to obtain at different depths. Measurement of the average temperature change of a whole volume has been previously obtained experimentally. 25 Applications of photothermal OCT include obtaining phase signal in ex vivo human breast tissues using gold nanoshells, 26 obtaining images for targeted molecules in cell cultures, 27 determining the concentration of nanoparticles inside sentinel lymph nodes based on a calibration phantom, 28 and estimating the concentration of nanorose in thin samples of rabbit arteries. 23 In this paper we provide a model that describes the OPL change due to the increase of temperature from a photothermal compound. We demonstrate experimentally the phase (and optical path length) accumulation as a function of depth in homogeneous solid gel phantoms, and use the experimental results to determine the model coefficients. Finally, we validate the model by reconstructing the photothermal compound concentration in single and double layer solid gel phantoms. To our knowledge this is the first demonstration of using a PT-OCT model to reconstruct optically absorbing compound concentrations as a function of depth. The model is used in thick tissue samples (up to 1 mm) and high resolution images are obtained. The design of the system has a pump laser and PS-OCT beam located on the same side, which does not limit the thickness of the tissue sample.
Materials and Methods 2.1 Photothermal Optical Coherence Tomography System
A photothermal optical coherence tomography system that consists of a pump laser integrated with a phase sensitive spectral domain optical coherence tomography system has been designed. A superluminecent diode (SLD, Denselight Ltd.) with a central wavelength of 1310 nm and a spectral bandwidth of 56 nm was used as a light source for the OCT system. The light source provides an axial image resolution of ∼13 μm in air. The light from the SLD was coupled into a fiber-based Michelson interferometer via an optical circulator. The light is then split 50/50 through a fiber coupler, where one arm of light was directed toward a stationary mirror in the reference arm, and the other arm was coupled with an 808 nm pump laser, which was collimated by a telescopic system, via a dichroic mirror. The pump laser was modulated with a square wave signal generator and a 50% duty cycle. A lateral resolution of ∼16 μm for the 1310 nm laser is achieved by using a 50 mm focal length objective lens. The beam size of the pump laser was reshaped by using telescopic lenses and an iris. The reflected light from the reference arm and the backscattered light from the sample arm were sent to a home-built high speed spectrometer which is capable of detecting the interference pattern. The spectrometer consisted of a 30 mm focal length collimator, a 1200 lines/mm transmission grating, a 100 mm focal length achromatic lens, and a 14-bit, 1024 pixel InGaAs line scan camera with a maximum acquisition rate of ∼47 kHz. The spectral resolution of the designed spectrometer was 0.141 nm, which provided an imaging depth of ∼3 mm on each side of the zero-delay line in air. The zerodelay line on the sample was set to be ∼0.5 mm above the focal plane. A one-dimensional micropositioning stage was adopted to move the sample in one direction to obtain a cross-sectional image. The system is illustrated in Fig. 1 .
Phantom Preparation
Solid gel tissue phantoms that absorb and scatter light were produced to simulate biological tissues. The phantoms contained water and agar (Fisher Scientific) at a concentration of 2 grms/100 ml to produce a solid gel. Agar is known to have very low scattering and absorption properties. Milk 29, 30 was used to provide a scattering background, and black India ink 29, 31, 32 (Bombay Black TM , Dr. Ph. Martin's) was used to control the absorption properties of the phantom. When the India ink absorbs light its temperature increases, known as a photothermal effect. The wavelength dependent extinction coefficient of India ink was measured using a spectrophotometer, and its absorption spectrum, normalized at 808 nm, is shown in Fig. 3 (a). Solid phantoms were created by heating the agar and water solution in a microwave for 1 min. Then, milk and ink were added at the appropriate concentrations, and the liquid was poured in a mold that produced phantoms with a 1-mm thickness. The bottom of the phantom was in contact with a glass slide and the top of the phantom was in contact with a glass cover which has a thickness of ∼225 μm. The phantom solidified within a few minutes.
Double layer phantoms were created in two steps. First, the bottom layer was created as previously described for the single layer phantom, but instead of using a glass cover on the top surface, we used a plastic film (saran wrap) which has a thickness of ∼40 μm. The top layer phantom was prepared by heating the agar and water solution in the microwave for 1 min and then mixing in the milk and ink at the appropriate concentrations. The solution was poured over the saran wrap after the bottom layer had solidified, and a mold was used to produce a layer with a thickness of ∼225 μm. The top layer solidified within a few minutes and the top surface was bound by a glass cover.
The glass cover placed on the top of the phantom was used as a mold to produce a flat top surface. The cover also prevented evaporated water from escaping and drying the phantom while it was heated by the pump laser. Although the phantoms were bounded on the top and bottom, they were not bounded on the sides.
For the double layer phantoms, we placed a plastic film in between the layers. This plastic film was used to avoid ink diffusion between both layers. The plastic film attenuated the laser light by less than 10%, which was considered acceptable for this study.
Data Acquisition and Processing
Photothermal images were obtained by modulating the pump laser at 400 Hz with a square wave (50% duty cycle), and obtaining 1000 A-lines from the same location (also known as an M-scan) at a frequency of 8.717 kHz. It took 115 ms to obtain an M-scan. Figure 2 (a) shows an example of the OCT structural image of an M-scan obtained from a homogeneous solid gel phantom that contain 1% milk and 1.5% ink. The bright spots identify the location of the scattering particles in the tissue at different depths. It can be noted that because we are using solid phantoms, the scattering signal remains constant through time as observed by the horizontal lines in the image.
At the depth locations where the scattering signal was greater than a predefined threshold value (10 dB above the noise floor), we calculated the phase change between the first and all the other A-lines within an M-scan set (φ i − φ 1 ), where i is a value between 1 and 1000 and φ is the phase of the A-line at a specific depth. We can observe that the phase changes at each depth in Fig. 2(b) . The image presents two interesting characteristics. First, we can see the dark and light bands through time. These bands have a frequency of 400 Hz which is due to the modulation of the pump laser. The second characteristic is that the intensity of the dark and light patches increases through depth. This is due to the phase accumulation which will be discussed in Sec. 2.4. All the data collected in this paper did not contain phase wrapping limitations. Figure 2 (c) shows the phase change through time at a depth of 530 μm from the tissue surface [the depth location is identified with an arrow in Fig. 2(b) ]. Finally, Fig. 2(d) presents the fast-Fourier transform of the phase difference [FFT( φ)]. A peak at 400 Hz is clearly observed. The amplitude of this peak at each depth, after subtracting the background noise, is used to create the phase image.
Theoretical Model
The OPL is defined as the product of the geometric length of the path of light undergoing through a system (L) times the index of refraction of the medium through which it propagates (n):
Both the length and the index of refraction are dependent on the temperature of the system (T 0 ). For our model we assume that the index of refraction at T 0 , is a constant for the whole tissue, for example different tissue layers have the same index of refraction. When there is an increase in temperature ( T), as is the case in photothermal systems, the following applies:
where dn/dT represents the change of the index of refraction with temperature which can be assumed to be constant for a wide range of temperatures, 33 and β is the thermal expansion coefficient. The OPL with a temperature increase is given by: heat capacity, and density of the sample, etc., 25, 34 which we have condensed into a coefficient α. The power of the laser per unit area is constant at all depths, when we assume a cylindrical beam shape and a medium with no attenuation coefficient. However, the power of the laser decays exponentially as it travels through the medium following a Beer-Lambert expression:
where μ t is the extinction coefficient of the medium. The change in optical pathlength ( OPL), the distance between the surface and the scattering particle, is then given by:
The phase difference ( φ) relates to the change in optical path length and the wavelength of the light (λ 0 ) by:
The change in the optical path length and the amplitude of the FFT of the phase, described in Sec. 2.3, are linearly related. Usually, dn/dT and β have values on the order of ∼10 − 5 • C − 1 (Refs. 21 and 24), their product is approximately ∼10 − 10 • C − 1 , μ t has values around 10 cm − 1 in biological tissues, 29 and we estimated using a previously described model 21 that α can have values smaller than 5. Therefore, the third and fourth terms of Eq. (6) are usually much smaller than the first and second terms and can be ignored, leaving us with:
where a is a constant which includes the constants in the first term of Eq. (6), and a is a constant related to the amplitude of the FFT of the phase difference which we will refer to as the "slope of the curve." It is important to note that for phantoms with several layers, the exponential term is composed of the sum of the product of the attenuation coefficient times the path length of each layer ( i μ t,i l i , where i is the layer).
For small values of the product of the attenuation coefficient times the path length, we can linearize the equation to:
Equation (9) indicates that the change in the optical path length is proportional to the physical length of the medium, which means that the changes increase at deeper tissue structures, also known as a phase accumulation.
The development of this model assumes that the beam of the pump laser is collimated; however, experimentally the system developed has a focused beam with a large Rayleigh length (∼1.28 mm).
Results

Photothermal Signal as a Function of the Absorber Concentration
To understand the photothermal signal as a function of depth for different absorber concentrations, we created six homogeneous single layer phantoms. Each phantom had the same scattering properties and different absorption properties. Milk was added to each phantom at a concentration of 1% to produce a scattering background similar to what is found in biological tissues. India ink was added as the absorber in each phantom at a concentration of 0.1, 0.25, 0.5, 1, 1. Since the phantoms are homogeneous in the lateral direction (and the surface of the phantom is flat), the 200 A-lines of the phase image of each phantom were averaged at each depth, to minimize the noise. Figure 3(b) shows examples of the averaged phase FFT amplitude signal as a function of depth. At higher ink concentrations (which also contain a higher μ t value) the curve presents an exponential shape; however, for smaller ink concentrations, the shape of the curve is linear. This is expected as described by Eqs. (8) and (9) . Also, the higher the attenuation coefficient, the less signal is obtained from deeper tissue structures; which explains why the 1% and 2% ink curves have signal up to a depth of ∼0.95 and ∼0.65 mm, respectively.
Each of the 200 individual A-lines from each phantom was fitted to Eq. (8) where a and μ t were fitting parameters. The average and standard deviation of the slope of the curve (a) as a function of the ink concentration is presented in Fig. 3(c) . A linear dependence is observed for the slope of the curve as a function of the concentration of ink.
Photothermal Signal as a Function of the Laser Power
To determine the photothermal signal as a function of the laser power, a homogeneous single layer phantom with 1% milk and 1.5% India ink was prepared. Five B-scans were obtained from the phantom with different laser powers with values of 22.5, 31.2, 38.6, 44.6, and 50.8 mW. The laser power was measured using a power meter. Each of the 200 A-lines from each B-scan was fitted to Eq. (8). The average and standard deviation of the slope of the curve (a) is presented as a function of the laser power in Fig. 3(d) . The slope of the curve is linearly dependent on the power of the laser.
Photothermal Signal as a Function of the Distance from the Zero-Delay Line
The model developed assumes that the pump laser beam is collimated; however, in reality it is focused and has a beam waist that varies with the axial position. The PT-OCT system design was optimized to have a large depth of focus (∼1.28 mm) such that the beam waist would minimally affect the experimental results. Also, the surface of the tissue samples is not always flat, and it is difficult to guarantee that the focal point of the pump laser will always be located at the same position from the tissue surface. Therefore, it is important to design a system that is minimally sensitive to the location of the surface from the zero-delay line, assuming the focal point is maintained at a fixed position.
To experimentally validate the large depth of focus, a homogeneous single layer phantom with 1% milk and 1.5% India ink, was used to obtain phase images. The surface of the phantom was placed at a distance of 70, 350, 630, 910, and 1200 μm from the zero delay line. The mean and standard deviation of curve a was calculated for each A-line obtained from each phantom location, and the percent variation was calculated using as a reference the mean value obtained for the 350 μm location. This location was selected because it was the standard for the experiments in this paper. The results are presented in Fig. 4 . For surface distances smaller than ∼1 mm, the variation of the mean of the slope was less than 25%.
Reconstruction of Single and Double Layer Phantoms
Equation (9) is a simplification of the photothermal model that is valid for values of the product of the depth times the attenuation coefficient smaller than 1. The equation states that the photothermal signal is linearly proportional to the depth and the slope of the curve a. The slope of the curve is related to the con-centration of the ink and the power of the laser, and minimally dependent on the surface distance from the zero-delay line (for a wide range of distances).
To demonstrate the validity of the model, the concentration as a function of depth was reconstructed from single and double layer tissue phantoms. B-scans were obtained from five phantoms. Three homogeneous phantoms were created with 1% milk and 0.1, 0.5 and 1.5% India ink. Also, two double layered phantoms with a top ink concentration of 0.1 and 0.5% and a bottom ink concentration of 0.25% were produced. The pump laser power was 50.8 mW.
Each A-line consisted of 512 pixels. Given that in real tissues we will not know a priori the number of tissue layers nor the tissue concentration, we selected a small window of 15 pixels and assume that the concentration of the drug is constant within that range. This window is large enough to minimize the sensitivity to noise but small enough to produce high resolution. The reconstruction algorithm consisted on fitting a linear equation to 15 consecutive pixels, and determining the slope of the linear fit. Therefore, we obtained the slope of pixels 1 through 15, and recorded it on pixel 1; then we obtained the slope of pixels 2 through 16 and recorded it in pixel 2; and so on. We were able to ignore the last 15 pixels, since they belong to deep tissue structures where there is almost no signal. Using the linear fit in Fig. 3(c) we were able to determine the ink concentration at each pixel based on the slope of the curve. Finally, a median filter was used on the reconstructed concentration image to minimize noise.
The structure, phase, and reconstructed concentration images for the single and double layer phantoms are shown in Figs. 5 and 6, respectively. Each structure image was normalized to the maximum value within the image. The average of the A-lines in the phase image for the double layer phantom with a top and bottom concentration of 0.5% and 0.25%, respectively, is shown in Fig. 7 . Lines with the slope of the 0.5% and 0.25% phantoms obtained from the single layer phantoms are shown. (9) are valid descriptions of the shape of the curve. Lower ink concentrations (lower attenuation coefficients) present a linear shape and higher ink concentrations (higher attenuation coefficients) present an exponential curve (linear shape for small depths). Also, as the concentration of the ink increases, the OCT signal is weaker in deeper structures and it limits the depth of the signal acquired. This explains the lack of signal for the 1% and 2% ink concentrations at depth greater than ∼0.95 and ∼0.65 mm, respectively.
Discussion
From Figs. 3(c) and 3(d) , it is demonstrated that the slope of the curve is linearly proportional to the ink concentration and the power of the laser, respectively. Although the mean values show the linear trend, a large standard deviation is observed at each data point. We attribute the large standard deviations of the data to the lack of stability of the power of the pump laser, which has high intensity fluctuations through time. In future implementations of the system, we expect to minimize these variations by measuring the power of the laser in realtime and properly calibrating the results. Also, although the phantoms prepared were homogeneous, some spots where the dye had accumulated were visually noticeable, which may also be responsible for the large standard deviations.
The linear fit obtained in Fig. 3(d) , for the slope of the curve as a function of the laser power, does not cross the origin. The reason for this is that there needs to be a minimum threshold of laser power for which the increase in temperature by the ink is higher than the heat diffusion from the surrounding medium. Once the threshold is exceeded, the ink will increase its temperature producing changes in the index of refraction and thermal expansion, which can be detected with the PT-OCT system.
Due to the long focal length of the system, the surface of the sample can be located at any distance smaller than ∼1 mm from the zero-delay line, producing a variation of the slope of the curve of less than 25%. It is important to determine this range because the surface of biological tissues have curvatures (i.e., they are not flat), and it would be difficult to guarantee that the surface will be located at a fixed position from the zero-delay line as a B-scan is obtained. Also, given that the pump laser is focused, the power per unit area varies with depth. For the range of 350 to 630 μm, the power per unit area is almost constant.
From Fig. 5 it is observed that the ink concentration of homogeneous single layer phantoms can properly be reconstructed. The reconstruction is accurate for low ink concentrations. At higher ink concentrations the reconstruction close to the tissue surface is accurate; however, at deeper locations the concentration decreases. This is expected because the linearity of the phase image is only valid for small values of the product of the attenuation coefficient times the depth, and the inverse reconstruction model only works for the linear regions. Also, at higher ink concentrations there is less signal coming from deeper structures as can be observed in the structure OCT image [ Fig. 5(c) ]. The reconstruction algorithm uses Eq. (9) instead of Eq. (8) because in real tissues it cannot be assumed that the absorber concentration is homogeneous at all depths. Although the errors between the reconstructed image and the actual concentration values depend on the optical properties of the tissue and the depth, the mean error at a depth of 100 μm has been determined to be less than 20%. Figure 6 shows the concentration image reconstruction from two double layer phantoms where the top ink concentration is higher/lower than the bottom layer ink concentration. Low values of ink concentration (≤ 0.5%) were selected such that the phase image will be linear for large depth range. The structure images show the plastic film that separates both layers [red horizontal line in Figs. 6(a) and 6(b)].
If it was known that the concentration within a layer of tissue was constant, the reconstruction algorithm could be modified to find the slope of the curve for the number of pixels within a specified layer. The number of pixels belonging to a layer could be determined by observing the structure image, as shown in Figs. 6(a) and 6(b). However, since it is not possible to know for sure that the concentration is homogeneous within a tissue layer it is imprudent to modify the algorithm.
Ideally, the slope of the curve could be determined by using the gradient between each two consecutive pixels of an A-line from a phase image. However, this approach is highly sensitive to noise. In our method, we chose 15 pixels because it offered a balance between too few pixels (which are highly sensitive to noise), and too many pixels, which reduce the resolution of the reconstructed concentration image. It is important to note that the slope of the curve (a) as a function of concentration [ Fig. 3(c) ], needs to be determined for each drug that is being used. In order to develop a system that does not require calibration, the photothermal properties of the compounds need to be known a priori, which is difficult to obtain 25, 34 and not known for various compounds. Figure 7 shows the average of all the A-lines in the phase image from the top and bottom ink concentration of 0.5 and 0.25% [ Fig. 6(d) ]. The figure includes two linear curves that have the 0.5% and 0.25% slope determined from the single homogeneous phantoms [ Fig. 3(c) ]. The curve of the top layer agrees with the 0.5% linear curve and the curve of the bottom layer agrees with the 0.25% slope. An artifact is observed at a depth of ∼300 μm which is due to the plastic film that was used to separate both layers. Also, at about ∼700 μm the curve of the bottom layer deviates from its linearity. This is because the sum of the product of the depth times the attenuation coefficient of each layer is no longer smaller than 1; therefore, the reconstruction for these depths becomes less accurate.
The experiments presented in this paper were done in solid gel phantoms. These phantoms allowed us to obtain strong signals from the structure inside the phantoms. For liquid phantoms, these experiments are more challenging because the structures inside the liquids are constantly moving due to Brownian motion; therefore, it is difficult to accurately determine the phase of the scattering structure through time. A solution for liquid phantoms has previously been demonstrated by measuring the signal at the interfaces at the surface of the liquid. 21, 22, 24 A challenge of this method for measuring hemoglobin in vivo is that OCT structure images present shadow effects underneath the blood vessels, which would reduce the signal obtained at the vessel boundary.
A limitation of the system is that it is slow (125 ms for an M-scan). This can be improved by increasing the modulation frequency of the pump laser. However, a higher modulation frequency will mean less time to allow for the drug to increase its temperature; therefore, a lower signal will be obtained. This can be compensated by increasing the laser power. The temperature increase should be carefully monitored to avoid undesired therapeutic effects.
This model can be used for imaging absorber concentrations in vivo. It is assumed that the thermal expansion properties and changes of the index of refraction as a function of temperature between the agar gel phantom and biological tissues are similar, since both samples are mostly composed of water.
Conclusions
A model that describes the photothermal signal as a function of depth has been developed. The parameters of the model have been empirically derived using homogeneous single layer phantoms, and it has been determined that the slope of the curve of the model is dependent on both the laser power and the ink concentration. The model is also minimally dependent on the distance between the surface of the phantom and the zero-delay line for distances smaller than ∼1 mm. These distances are useful for obtaining the depth profile concentration of different tissue layers, such as the epithelial layer where most cancers originate. We developed a concentration reconstruction algorithm that is limited to small values of the product of the depth times the attenuation coefficient. The algorithm was validated in solid homogeneous single and double layer phantoms.
In the future we expect to use the system in biological tissues using exogenous and endogenous contrast agents that are more suitable for medical applications; such as gold nanoparticles, indocyanine green, and hemoglobin. By monitoring the pump laser power and properly calibrating the results, we expect to minimize the noise in the results obtained.
An advantage of using photothermal compounds is that they can be multifunctional, where they can be used as contrast agents for imaging and also as a therapeutic drug. Concentration images can be obtained from biological tissues, and when a specific dose is achieved, the temperature of the drug can be properly increased to damage the surrounding tissues.
